With almost 50% of all surgeries in the U.S. being performed as minimally invasive procedures, there is a need to develop quantitative endoscopic imaging techniques to aid surgical guidance. Recent developments in widefield optical imaging make endoscopic implementations of real-time measurement possible. In this work, we introduce a proof-ofconcept endoscopic implementation of a functional widefield imaging technique called 3D single snapshot of optical properties (3D-SSOP) that provides quantitative maps of absorption and reduced scattering optical properties as well as surface topography with simple instrumentation added to a commercial endoscope. The system's precision and accuracy is validated using tissue-mimicking phantoms, showing a max error of 0.004 mm −1 , 0.05 mm −1 , and 1.1 mm for absorption, reduced scattering, and sample topography, respectively. This study further demonstrates video acquisition of a moving phantom and an in vivo sample with a framerate of approximately 11 frames per second.
Introduction
With the rapid increase in the number of minimally invasive procedures aimed at improving patient care while lowering the healthcare financial burden [1] , there has been a strong push for optical technologies to provide clinicians guidance during endoscopic procedures. This need for guidance is clearly evidenced by the development of instruments by both investigators and companies that aim at aiding visualization using techniques such as fluorescence [2] [3] [4] , endogenous imaging [5] [6] [7] , and stereoscopic imaging [8] [9] [10] . Unfortunately, most of these techniques are not quantitative in nature and are therefore subject to interpretation and user experience, limiting their value for being used routinely in clinical settings. With point measurements methods having established the potential of quantitative optical measurements for providing high sensitivity and specificity in many diseases and conditions, it is of paramount importance to develop novel methods and instruments that would allow real-time optical quantitative imaging through endoscopes.
Spatial frequency domain imaging (SFDI) has recently been pushed to real-time acquisition [11, 12] and is particularly well-suited for endoscopic implementation. SFDI offers a widefield, noncontact approach for acquiring optical property maps that can be analyzed over several wavelengths to produce chromophore concentrations of endogenous tissue constituents [13] [14] [15] . Several steps have been made to improve the technique's robustness and processing schemes, including a fast 2-D look-up Table [15] , a 3-D height correction method [16, 17] , and an optimization of wavelengths for spectroscopic fitting of tissue constituent concentrations [18] . These developments led to a first-in-human pilot study that measured skin flap oxygenation during reconstructive breast surgery [19] . However, further work was needed in order to avoid motion artifacts and to approach real-time image acquisition for image-guided surgery.
Recent developments have pushed the speed of SFDI, reducing its usual requirement of 6 image acquisitions down to two [12] and even to one by using single snapshot of optical properties (SSOP) processing [11] . The single exposure acquisition and simple instrumentation of SSOP makes it amenable to the demanding environment of endoscopic imaging. Moreover, recent work has demonstrated the ability to extract phase information from a single projection while using SSOP, enabling height-corrections that accommodate for irradiance loss due to variations in surface topography [20] . These features have led to this study that aims to provide quantitative endoscopic imaging.
All previously reported techniques using spatial frequency domain analysis have relied on the concept of constant, known frequency projection. Analysis of at least two frequencies (AC and DC) is required, though multi-frequency has long been studied [15] . However, because each spatial frequency that is projected must be known, projection is approximated as telecentric such that the projected pattern spatial frequency is assumed to be constant over depth and across the field of view, and analysis is applied uniformly across the acquired images. If multiple frequencies are acquired in a single image [11, 21] , these assumptions are still made. The nature of endoscopic imaging requires a new perspective for spatial frequency processing.
Endoscopes are commonly made such that the angular field of view is constant, allowing practitioners a magnified view when the endoscope is close to the sample and a broad field of view when the sample is distant. Hence, in order to practically enable endoscopic SFDI, a projection pattern must come from the endoscope itself and follow the same angular field of view. This implies a highly divergent illumination pattern, meaning the projected frequency at every pixel will vary with distance from the endoscope. Herein, we stray from the above assumptions of pattern projection and employ a novel spatial-frequency calibration based on sample depth along with an n-dimensional lookup table (nD-LUT).
The work presented in this article utilizes the state of the art in SFDI acquisition techniques and further advances the field by introducing methodologies for high NA pattern projection and image collection. Furthermore, these developments permit, for the first time, a proof-of-concept endoscopic implementation of a functional widefield imaging technique that provides quantitative maps of absorption and reduced scattering optical properties as well as surface topography in real-time. SSOP acquisition and processing is utilized for speed and simplicity of instrumentation along with SFDI calibration and modeling for robust quantitative measurement. This study validates the developed system to accurately and precisely measure optical properties and height maps of tissue-mimicking phantoms and further demonstrates video acquisition of a moving phantom and an in vivo sample.
Materials and methods

Spatial frequency domain imaging
Spatial frequency domain imaging (SFDI) has been widely discussed in the literature and so will only be briefly introduced here. It is well known that the spatial response of a point source of light in turbid media can be described by a point spread function, s-PSF, which depends on the subsurface optical properties and radial distance from the source [22] . SFDI uses the medium's calibrated response to spatially modulated light to obtain the spatial modulation transfer function, s-MTF, the Fourier domain equivalent of the s-PSF. The s-MTF is obtained through the analysis of the diffuse reflectance R d measured from an intensity sinewave projection. Solving the inverse problem at each image pixel enables spatially resolved mapping of the medium's absorption and reduced scattering properties [13, 14] .
This work utilizes the fundamentals of SFDI to acquire and process R d measurements in the spatial frequency domain, thereby enabling optical property measurements. In practice, the intensity I of a sinusoidal wave at location x and spatial frequency f x is a linear combination of both an AC signal and a DC offset (we cannot project a negative intensity):
where I DC is the DC offset and M(x, f x ) is the modulation amplitude of the AC signal, and φ is the phase. The modulation amplitude M(x, f x ) can be obtained through various demodulation techniques, and though our work utilizes Fourier demodulation method, the most widely used method for SFDI is a three-phase demodulation where three sequentially projected sinusoidal waves with varying phase φ are acquired in order to isolate the contribution of M(x, f x ) in I(x, f x ). M(x, f x ) is directly related to the sample's diffuse reflectance R d by 0 ( , ) ( , ) ( , )
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with I 0 as the source intensity and MTF sys as the modulation transform of the optical system. In order to isolate R d , a calibration measurement is made on a reference phantom with known optical properties (and therefore known R d ) to account for both I 0 and MTF sys . Spatial frequency domain measurements, as opposed to other spatially resolved measurements, have the advantageous multiplicative nature of system frequency response contributions, and these terms are accounted for with a simple division-based correction:
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where M ref (x, f x ) is the reference phantom's modulation amplitude and R d, ref, pred is a model prediction of the reference phantom's diffuse reflectance. One can see that this assumes each measurement has the same source intensity and collection efficiency, and so the reference phantom should ideally have the same surface height and profile as the sample. Otherwise, a profile correction technique should be used to ensure measurement accuracy (discussed below in section 2.3).
Once the R d of a sample is known, we utilize a model based 2-D look-up table method that can generate optical property maps given the R d at a minimum of two spatial frequencies, a DC (planar illumination, f x = 0) and an AC measurement, the latter typically around f x = 0.15 -0.2 mm −1 for skin [15] . This modest requirement of the R d_DC and R d_AC measurements enables the use of single snapshot of optical properties imaging, a video-rate acquisition technique in the spatial frequency domain.
Single snapshot of optical properties imaging
Our lab recently developed a novel spatial frequency domain technique called single snapshot of optical properties (SSOP) that allows for video-rate acquisition of optical properties [11, 20] . Long acquisition times (fewer than 1 frame per second, fps) are prone to motion artifacts created by a moving sample and are unable to capture dynamics of motion or changing optical properties. Long acquisition times are also not suitable for endoscopy, which requires at least a rate of 10 fps for proper visualization [23] . SSOP uses spatial-frequency filtering to demodulate the optical reflectance signal from the projected carrier wave by utilizing the AC and DC components of a single sinusoidal projection. This minimizes the acquisition time to the length of a single exposure, which is simply limited by optical throughput and collection efficiency.
In this work we utilize the line-by-line Fourier transform method originally presented in 2013 [11] . After the 1-D Fourier transform is performed line-by-line over the entire raw image, an ideal frequency filter separates the DC and AC components of the Fourier image. A simple inverse Fourier transform of the DC spectrum recovers the DC image. Single sideband demodulation is performed on the AC image to remove the carrier frequency and recover the AC response image. These DC and AC images correspond to the components of the signal in Eq. (1) and, once calibrated using Eq. (3), provide the R d_DC and R d_AC components needed to utilize a 2-D look-up table and generate optical property maps.
Endoscopic SSOP
It is often difficult to control the surface height and profile of a sample, and so a profilecorrection method was developed by utilizing the distance-dependent phase-shifting behavior of angled sinusoidal projections [16] . Profile corrections are absolutely crucial for both SFDI [16, 17] and SSOP [20] as varying sample height causes uncorrected measurements of absorption and reduced scattering properties. Hence, this work also implements and demonstrates the need for a height-based correction. Note: in an endoscope geometry, it seems more intuitive to describe the sample's position as an absolute measure in space in terms of distance from the endoscope as opposed to a height from an arbitrary ground.
With our endoscope implementation, several parameters of a given measurement change along with the sample's distance from the endoscope, e.g. projected spatial frequency and the radiance of source intensity. However, each of these parameters can be calibrated and accounted for over a range of distances by using the same principles demonstrated previously [16, 20] . For any given parameter, calibration measurements on a reference phantom are made at several known distances from the endoscope and the parameter is fit to a regression as a function of distance. Then, for any given sample distance, this parameter is known and can be corrected. First, the sample's distance from the endoscope must be measured.
The data flow for calibration and sample processing is depicted in Fig. 1 . This work utilizes a Fourier transform profilometry technique to measure the sample's surface topography. Using the same fringe pattern for both profilometry and SSOP, the phase of a sample is measured using 1-D line-by-line Fourier processing previously demonstrated [24] . Once the phase is measured for the reference phantom at several known distances, a phase relationship is made and can be utilized for a sample of unknown distance [25] . Therefore, a phase measurement is simultaneously taken for every pixel of a sample, and for every pixel a distance is calculated. This distance measurement is used for intensity corrections as previously demonstrated [16] , yet endoscopic SSOP also requires careful consideration of frequency analysis.
Each factor considered in calculating R d as seen in Eq. (3) depends on the spatial frequency f x . Calibration for endoscopic SSOP entails creating a regression for projected spatial frequency, as shown in Fig. 1 . Once the sample distance is measured, a spatial frequency map is created for the entire image. Before measurements are acquired, limits for the maximum and minimum distances are determined and the range of corresponding spatial frequencies are split into n bins. A "white" Monte Carlo model [26] is used to generate an ndimensional lookup table (nD-LUT) and to pre-compute R d, ref, pred for each frequency bin. Finally, the sample's spatial frequency map separates each pixel into a frequency bin, each spatial frequency bin is processed using the nD-LUT, and optical property maps are generated. Figure 2 (a) depicts the optical design of the endoscopic imaging system. The fundamentals of imaging in the spatial frequency domain are preserved, starting with a light source. Given a source with a fiber output, lenses L 1 and L 2 are used to expand and collimate the beam onto mask M of a sinusoidal pattern. Since SSOP only requires a single pattern, the need for a DMD or other type of variable projector can be replaced by a simple mask. The image of the illuminated pattern is then collimated by L 3 and polarized by linear polarizer P 1 as it is sent through the projection channel of the endoscope and onto the sample. The reflected light is imaged through the collection channel of the endoscope. The collimated output is crosspolarized with respect to P 1 by linear polarizer P 2 and then imaged by objective lens L 4 onto the CCD. The entire endoscope is shown in Fig. 2(b) , while the optical channels of the working end of the endoscope are shown in Fig. 2 (c). Figure 3 compares the projection characteristics of (a) standard widefield structured illumination with (b) endoscopic structured illumination used in this work. Both systems have an image projection that undergoes a phase shift as a function of distance from the projector. While widefield illumination systems have an almost constant projected spatial frequency or are approximated as such, this endoscopic implementation has a non-negligible monotonic decrease in spatial frequency with increased distance due to the viewing angle of the endoscope (45°). This varying spatial frequency is accounted for by first calibrating over several known distances and then measuring the sample distance at each pixel, as described above. While spatial frequency variation may happen on the sample with varying shape, the "apparent" spatial frequency seen on the CCD does not change. This is paramount because SSOP assumes that the carrier frequency across a row of pixels is constant. This is a very easy assumption to make in most cases, but if the endoscope had a different magnification function for projection and collection, then different distances would have different "apparent" frequencies, and a non-flat sample would cause Fourier filtering issues. For projection and collection, the magnification at a certain distance does not have to be equal -only the rate of change magnification versus distance. This is effectively saying that the angular field of view for projection and collection must be equal.
System design
Much of the data flow follows standard widefield SFDI and SSOP processing implemented on a custom-developed MATLAB code (Mathworks, Natick, MA) that was further adapted for this work. This code has been previously validated in past experiments [11, 16, 19, 20] . Fig. 3 . Schematic demonstrating the projection and collection characteristics (a) a common widefield setup and (b) our endoscopic system. Both systems use the phase shift in the projected sinusoid to measure distance. However, the endoscope system has a field of view dependent on distance, and so this variation is characterized during calibration.
Calibration
Standard spatial frequency domain imaging requires calibration measurements to generate optical property maps, seen as M ref in Eq. (3) [15] . The calibration phantom used in this experiment was a large (96 x 96 x 20 mm) flat, homogeneous, tissue-mimicking phantom with known optical properties. This calibration phantom was fabricated based on prior work [27], with absorption and scattering parameters adjusted with India ink in polydimethylsiloxane and TiO2, respectively. Two-distance, multifrequency frequency domain photon migration (FDPM) measurements were independently taken to verify the phantom's spectral absorption and scattering properties [28] . The optical properties of this reference phantom were used to calibrate a sample's optical properties, and calibration measurements were made from 4 to 9 cm from the distal end of the endoscope in 1 cm increments to correct for a sample's variation in height. The distance range has been chosen to match the typical working distance of an endoscope. The calibrated parameters (e.g. distance, intensity, spatial frequency) varied slowly enough for low dimensional polynomial fitting, and so 6 calibration points provided a robust fit.
Experiments
Flat homogeneous phantom
Fixed distance measurement: to first validate the accuracy and precision of extracting optical properties without the involvement of profile correction, a flat, homogeneous, tissuemimicking phantom with known optical properties was used as a sample and placed at a fixed distance for measurement and calibration. This sample phantom, like the calibration phantom, was fabricated with silicone and used India Ink and titanium dioxide to adjust for absorption and scattering properties, respectively [27] . The sample phantom's known optical properties (μ a = 0.032 mm −1 and μ s ' = 0.99 mm −1 as measured by widefield SFDI) were used as gold standards for the measurements made using this endoscopic SSOP system.
Multi-distance measurement: to then validate the system for generating optical property and distance maps over varying distances, the same flat homogeneous phantom was measured at each calibration distance (4 thru 9 cm at 1 cm increments). Validating against the expected values, distance-based corrected optical property measurements and profile maps were compared with non-corrected optical property measurements for accuracy and precision.
Hemispheric homogeneous phantom
Noncontact clinical endoscopy often images non-flat samples, so this experiment uses a hemispherical tissue-mimicking phantom to assess the profile acquisition and distance-based correction of a curved surface. This silicone phantom was made to have similar optical properties as the flat homogeneous phantom described above by using India Ink and titanium dioxide to control absorption and scattering, respectively (0.025 mm −1 and 1.05 mm −1 ). In order to also test the accuracy of extracted optical properties over time and sample location, a video was acquired of the hemispherical phantom placed on top of the flat homogeneous phantom as it is moved in three dimensions.
In-vivo measurement
To demonstrate the endoscopic real-time acquisition of optical properties and profilometry in vivo, a video of a hand in motion was taken with the same flat homogeneous phantom as the background.
Results
System design
The optical design shown in Fig. 2(a) has minimal components and can be relatively inexpensive depending on the choice of source, endoscope, and camera. The NIR source used in this system has been built and described in recent work [23] . For this embodiment, we utilized two 1W laser diodes operating at 660 nm (LDX-3115-660, LDX Optronics, Maryville, TN) along with current and thermoelectric cooler controllers (ITC300, Thorlabs, Newton, NJ). The laser module is integrated to the endoscope optical system with a 1 mm multimode fiber optic cable (BFY1000LS02, Thorlabs) and the light is then shaped using two 35 mm focal length biconvex lenses L 1 and L 2 (LB1811, Thorlabs) for illuminating the sinusoidal projection pattern, M. The projection pattern M was printed onto transparency film using an office laser printer. The endoscope used was a dual-imaging, rigid endoscope (Schölly, Inc., Worcester, MA). The projection lens L 3 was a75 mm focal plano-convex lens (LA1765, Thorlabs). A pair of linear polarizers, P 1 and P 2 (PPL05C, Moxtek, Inc., Orem, UT) helped reduce specular reflections on the proximal end of the endoscope. A simple planoconvex objective lens was used for L 4 (#45-508, Edmund Optics, Barrington, NJ) that imaged the sample onto a 14-bit CCD camera (pco.pixelfly usb, PCO, Romulus, MI).
Flat phantom
Fixed distance measurement: The flat homogeneous phantom was imaged at 6 cm, the same height as the reference phantom (see Fig. 4 ). At this distance, the field of view of the entire CCD was 5.7 x 7.6 cm. Signal loss towards the edges of the collected image was too low for proper processing, and so a mask (480 pixel diameter circle) was used to remove unusable pixels, slightly decreasing the field of view. Also, close to the mask edge there are apparent artifacts due to this loss of signal, and so all analyzed data was taken from the dotted rectangular ROI (310 x 405 pixels, 3.39 cm x 4.42 cm) in the center of view. Single value reports, like that in Fig. 4 , are the statistical mean and standard deviation of the pixels within the ROI for a given image measurement. In Fig. 4(a) , the measured absorption of 0.033 ± 0.00037 mm −1 was very accurate to the expected value of 0.032 mm −1 . Likewise, in Fig. 4(b) the measured reduced scattering 0.96 ± 0.0079 mm −1 was very close to its expected value of 0.99 mm −1 . Fig. 4 . A flat homogeneous phantom was measured 6 cm from the distal end of the endoscope and (a) absorption and (b) reduced scattering properties were generated. Analysis was done on the white-dotted ROIs. The statistical mean and standard deviation are reported for the set of pixels within the given ROI.
Multi-distance measurement: The flat homogeneous phantom was measured from 4 to 9 cm in 1 cm increments (see Fig. 5 ). The sample profile maps are shown in Fig. 5(a) with the color showing absorption values. In Fig. 5(b) the measured distance is compared with the known distance of the phantom from the endoscope and shows high accuracy at each distance with a maximum error of 1.3 mm. Each plotted point is the average height within the ROI and includes error bars. In Figs. 5(c) and (d) , the uncorrected measurements (blue x's) were referenced against a phantom at 4 cm. The uncorrected measurements lose accuracy rapidly as the sample distance increases, changing by nearly an order of magnitude for absorption and reduced by 0.36 mm −1 for scattering. In comparison, the corrected measurements (red squares) show fairly accurate and precise values over the distance range, staying within 0.004 mm −1 for absorption and within 0.05 mm −1 for scattering. To demonstrate the general degradation of optical property maps when profilometry is not used, the absorption and reduced scattering maps are presented in corrected and uncorrected formats in Fig. 6 . The large color scale range is to capture the large variations in the uncorrected maps. These maps demonstrate not only the large deviation in the average optical properties measured, but also a large increase in standard deviation, with absorption error going from 0.0019 mm −1 (corrected) to 0.032 mm −1 (uncorrected) and scattering going from 0.048 mm −1 (corrected) to 0.13 mm −1 (uncorrected). The scale bar given at each height represents 1 cm and demonstrates the correlation between increasing field of view and distance. Fig. 6 . Absorption and reduced scattering maps measured on a flat homogeneous phantom from 4 to 9 cm. These maps demonstrate the divergence of accuracy when not correcting for sample distance. The arrows on the color bar represent the expected optical property values. The black scale bars represent 1 cm for a given distance. Note the decrease in magnification as distance is increased. The variations in height mean the field of view is not constant, but a scale bar that represents the scale at a distance of 7 cm is presented. The latter half of the movie captures a large translation in depth and shows stable measurements throughout. Slight optical property artifacts, especially for absorption, occur at the base of the hemispherical phantom and tend to ripple laterally around it. Fig. 7 . A hemispherical phantom resting on a flat homogeneous phantom was measured at video rate (~11 fps) (see Visualization 1) . Every frame of collected raw data generated a 3D profile, absorption, and reduced scattering maps. Note: since the scale changes with distance, this scale bar is given for 7 cm distance. 
Hemispheric homogeneous phantom
In-vivo measurement
Discussion
In this work, we introduced a novel implementation of single snapshot of optical property (SSOP) imaging capable of acquiring widefield optical property and 3D profile maps in realtime. This technique relies on the projection of a single 1D-sinusoidal illumination pattern that is then imaged and decomposed into components of AC, DC, and phase for further processing in the spatial frequency domain [11, 15, 20] . Calibration at multiple distances is done to calculate optical property and 3D profile maps and to also account for system parameter variations due to changes in the sample distance. The context for this work is focused on enabling quantitative surgical guidance, and while this work demonstrates a benchtop proof-of-concept system toward this goal, several factors should be considered for future work.
During surgery, the field of view is likely to change continuously due to the handling of the endoscope or the in vivo sample's motion itself, and so real-time acquisition is crucial to eliminate motion artifacts while imaging. The video framerate demonstrated in these experiments is approximately 11 frames per second, but it should be noted that this technique's framerate is only limited by the time of a single exposure, and so improved throughput and collection efficiency in an optimized system would greatly reduce the exposure time and increase the framerate of this technique. Ideally the acquisition speed would be greater than 15 fps to offer a smooth viewing experience, though cardiac dynamics have been seen in a similar technique done in widefield at rates of 50 fps [29] .
Given the intended use of this technique, sample distance variation will most likely be happening continuously during imaging. As shown here, endoscopic SSOP imaging necessitates the use of profilometry correction. As distance is increased, absorption map averages fall by nearly an order of magnitude while reduced scattering was reduced by 0.36 mm −1 . Moreover, artifacts become apparent as the measured sample's distance gets farther from the reference phantom's distance (see Fig. 5 ). The use of profilometry keeps absorption and reduced scattering map averages within 0.004 mm −1 and 0.05 mm −1 , respectively. Because the single snapshot collects phase information as well, there is no additional acquisition time necessary to measure the sample's phase, though calibration steps are added to create distance-dependent correction factors. Profilometry corrections are therefore necessary for quantitative imaging of samples with variations in height and also help reduce imaging artifacts [16, 17] . These previous studies have also demonstrated an upper limit of 75° for correcting the reflection angle of the sample surface, though further validation is needed for this endoscopic implementation. In the future, phantom studies could further test this technology's robustness by simulating body cavities, potentially by using 3D printing [30] .
The spatial information extracted from a single raw image allows for rapid acquisition, but the cost will be some loss of spatial resolution. Figure 4 and the videos presented (Figs. 7 and 8) show a slight loss in image resolution from the raw image collected to the optical property maps, along with minor ringing artifacts due to the demodulation process relying on filtering in the Fourier domain. These artifacts raise concerns for robust quantification and detection during future clinical use, e.g. tumor detection. However, these image degradations tend to be stable and minor in the variations in optical properties. Furthermore, the ability for a high NA endoscope to readily adjust magnification in real-time allows for continuous detailed inspection and contextual referencing. No measure of image quality or viewer experience has been presented in this work because this work is simply a proof-of-concept and a more optimized system will greatly improve image quality. This optimization will mostly entail increased optical efficiency and throughput, along with optimization of SSOP processing framework.
To progress this technique from endoscopic real-time imaging of optical properties to surgical guidance will first entail incorporating a second wavelength in order to enable oximetry imaging. Previous work has demonstrated the ability of spatial frequency domain imaging to perform accurate oximetry measurements in tissue with only two wavelengths [18] , making endoscopic real-time oximetry imaging readily achievable by adding a second wavelength to the benchtop system presented here. The next concern will be to perform realtime acquisition along with real-time feedback. Two fundamental hurdles need to be considered: 1) demodulation time and 2) inversion of measured diffuse reflectance to sample properties, e.g. optical property or chromophore maps. Demodulation time is currently estimated at 100 ms, though this processing is currently being done in MATLAB and could certainly be optimized for real-time feedback. While the current processing time to invert diffuse reflectance maps to optical properties is typically on the order of 1 second, we recently demonstrated that this inversion time could be reduced significantly to approximately 10 ms [31] . Altogether this work lays the foundation of real-time quantitative optical imaging through an endoscope and its clinical translation, potentially enabling endoscopic implementation of current quantitative, widefield techniques [32-34].
Conclusion
The endoscopic SSOP system allows for real-time imaging of profile-corrected optical properties through an endoscope. In this work, we presented the principles and methods of this system's design and processing scheme, along with a validation of its accuracy on tissue mimicking phantoms and a demonstration of its in-vivo imaging capabilities. In addition, the method presented is also capable of measuring the sample profile and corrects for variations in the sample's distance from the endoscope to obtain accurate optical property maps from a single image acquisition with a slight loss in image resolution. This work utilizes previous investigations into widefield imaging of optical properties to lay the foundation for real-time, endoscopic surgical image-guidance using endogenous contrast.
